Abstract-Endovascular stenting has matured into a commonly used treatment for peripheral arterial disease (PAD) due to its minimally invasive nature and associated reductions in short-term morbidity and mortality. The mechanical properties of the superelastic Nitinol alloy have played a major role in the explosion of peripheral artery stenting, with modern stents demonstrating reasonable resilience and durability. Yet in the superficial femoral and popliteal arteries, even the newest generation Nitinol stents continue to demonstrate clinical outcomes that leave significant room for improvement. Restenosis and progression of native arterial disease often lead to recurrence of symptoms and reinterventions that increase morbidity and health care expenditures. One of the main factors thought to be associated with stent failure in the femoropopliteal artery (FPA) is the unique and highly dynamic mechanical environment of the lower limb. Clinical and experimental data demonstrate that the FPA undergoes significant deformations with limb flexion. It is hypothesized that the inability of many existing stent designs to conform to these deformations likely plays a role in reconstruction failure, as repetitive movements of the leg and thigh combine with mechanical mismatch between the artery and the stent and result in mechanical damage to both the artery and the stent. In this review we will identify challenges and provide a mechanical perspective of FPA stenting, and then discuss current research directions with promise to provide a better understanding of Nitinol, specific features of stent design, and improved characterization of the biomechanical environment of the FPA to facilitate development of better stents for patients with PAD.
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FEMOROPOPLITEAL ARTERY OBSTRUCTIVE DISEASE

Atherosclerotic Disease in the Femoropopliteal Artery
Chronic obstruction of the femoropopliteal artery (FPA) is a common cause of peripheral arterial disease (PAD). The FPA provides the majority of the arterial blood supply to the lower extremity and begins below the inguinal ligament as the common femoral artery that then branches into the superficial femoral artery (SFA) and profunda femoris artery in the proximal thigh. The SFA transitions into the popliteal artery (PA) at the level of the adductor hiatus-a tendinous channel between the adductor magnus muscle and the femur. The PA crosses the knee joint and then bifurcates into the anterior tibial artery and the tibioperoneal trunk. During limb flexion, the FPA undergoes extensive mechanical deformation, with twisting, bending and compression concentrated in severity to the region around the adductor hiatus and the below knee PA segments. These deformations are thought to play major roles in FPA wall injury and flow disturbance, key factors in the development and progression of lower extremity occlusive disease. 4, 29, 30, 73, 99 Up to 90% of PAD cases are attributed to atherosclerosis, 18 with or without calcification. Thromboembolic phenomena are also frequently encountered but are most commonly associated with acute lower limb ischemia, usually treated with thrombus removal and systemic anticoagulation. Other conditions can also lead to arterial obstruction in the lower limb, such as aneurysm or congenital entrapments. Atherosclerosis is a chronic inflammatory condition of the artery wall that progresses through multiple stages. It starts with lesion initiation through endothelial damage, which can be triggered by multiple factors including mechanical stress, hemodynamic disturbance, metabolic derangements associated with risk factors, and different immune or inflammatory processes, such as elevations in oxidative stress. 70 The next stage involves formation of non-clinically significant intimal thickening, that can progress into hemodynamically significant fibroproliferative atheroma and, ultimately, advanced occlusive lesions. 10 Advanced lesions invade deeper layers of the arterial wall and have complex structures with usually rigid outer layers composed of collagen, elastin, smooth muscle cells, macrophages, foam cells, and lymphocytes, and a core that may contain lipids, necrotic cells, or calcium deposits. Unlike coronary plaques, PAD lesions are usually more fibrous and may contain significant amounts of calcium that often spreads within the tunica media. 57, 58 Calcification in the lower extremity, particularly in the setting of diabetes mellitus or chronic kidney disease, 50, 51, 57, 108 doubles cardiovascular mortality and quadruples the risk of amputation, 50, 69 but the etiology of FPA calcification remains unclear and is an area of active research. 27, 28, 50, 54, 101, 103 Like coronary and cerebrovascular disease, PAD lesions can develop over long periods of time without producing symptoms. As lesions develop, the artery frequently remodels by increasing diameter 45 and wall thickness to balance the hemodynamic shear and intramural stresses 52, 53, 56 until a critical threshold is reached and the diameter is not able to widen further. Once this maximum compensatory dilation occurs, additional plaque growth results in progressively more severe vessel lumen narrowing. It is at this point that clinical symptoms typically start to appear, with the most common patient complaint being pain or weakness of the lower limb muscles during walking, a condition called intermittent claudication. The severity and progression of PAD is heavily influenced by systemic risk factors, most notably cigarette smoking and diabetes mellitus. 18 Cigarette smoking leads to more rapid progression of PAD 10 through multifactorial effects on the cardiovascular system, including direct endothelial cell damage. 70 Those with diabetes often have more advanced disease at presentation, including a higher likelihood of having chronic limb threatening ischemia (CLTI) involving ischemic ulceration or gangrene. 10 Often diabetic patients suffer severe circumferential vessel calcification 28, 57 and stiffening of the entire infrainguinal vascular tree with associated occlusive disease localized to the smaller vessels below the knee. 5 Early intervention is critical in patients with CLTI because of the high risk of amputation in the absence of revascularization. 3 Though a significant number of PAD patients with intermittent claudication can see improvement in symptoms with conservative medical therapies and exercise programs, many patients eventually experience gradual worsening of their condition. 18 With progression of symptoms, up to 7% of patients request some sort of intervention, including endovascular therapy or revascularization via surgical bypass. 18 Endovascular intervention is frequently the preferred treatment method due to its minimally invasive nature and shorter recovery times compared with bypass surgery. 48 During endovascular therapy, the lesion is typically accessed remotely through an access point in the common femoral artery or less commonly from the brachial or pedal arteries, and a balloon angioplasty procedure is performed to fracture the plaque and dilate the artery. Shorter lesions may be treated with angioplasty alone but in cases involving complex lesions and flow-limiting arterial dissections, a permanent metal mesh tube, called a stent, is deployed to help maintain arterial lumen patency. Alternatively, atherectomy procedures that shave plaque from the inner wall of the artery are also sometimes performed with the purported advantage of plaque debulking and reduced requirement for stenting.
The choice between endovascular therapies and surgical bypass operations often involves complex decision making incorporating arterial anatomy, patient risk factors, and personal preferences of the patients and treating physicians. A key factor in the outcome and durability of the reconstruction method is the indication for the procedure, with more severely ill patients with CLTI demonstrating inferior reconstruction patency and life-expectancy compared to patients with intermittent claudication indications. For healthier patients requiring reconstruction for intermittent claudication, life expectancies may be substantially longer than those with CLTI, requiring greater durability in whatever method is chosen for revascularization.
Clinical Challenges with Stents in the Femoropopliteal Artery
The number of endovascular procedures for PAD in the United States continues to increase due to increases in the population of patients with PAD and their preference for minimally invasive procedures with shorter recovery times. Compared to open surgery, patency rates of FPA stents continue to be worse than in most other arterial locations.
1, 21, 48, 113, 114 Early studies examining first generation Nitinol stents were inconclusive in showing that PAD stenting improved clinical outcomes compared to other procedures such as balloon angioplasty or open bypass surgery. 83 Recently, many clinical trials (most are industry-supported) have claimed improved durability and patency of endovascular FPA stent-based repairs 109 demonstrating patency rates between 43% and 90% at 12 months (Table 1) . Even with these recent improvements in FPA stenting, existing data demonstrate that bypass surgery still provides better results in terms of restenosis and freedom from reintervention, and similar results in terms of freedom from amputation. 15, 26, 115 Furthermore, endovascular treatments of the in-stent restenosis (ISR) continue to disappoint showing high rates of recurrence. 67 What is Unique About the FPA Environment?
Stents designed for different arterial beds need to accommodate various degrees of deformations, and in the FPA these deformations are some of the most severe in the body (Fig. 1) . Studies that aimed to quantify the complex mechanical environment of the flexing limb can be roughly divided into those reporting baseline deformations of the FPA, and deformations of the stented FPA due to limb flexion.
Baseline FPA Deformations
Smouse et al. 119 was one of the first to evaluate deformations of the FPA with limb flexion. Utilizing seven human cadavers and 2D angiography, they imaged lower limbs in straight and bent configurations mimicking walking, sitting, and stair-climbing activities. Arterial bending and foreshortening were measured, and authors reported that FPA deformations were more severe distally in the PA below the knee than in the more proximal SFA.
The first study to use 3D imaging and measure torsion of the FPA due to limb flexion was performed by Cheng et al. 17 They used arterial side branches as markers to track deformations of the FPA as it deformed from supine to fetal positions, producing 60°± 34°torsion and 13% ± 11% FPA axial compression. However, torsion values were not normalized to the length of the artery. Normalized values were published several years later by the same group 16 and constituted 1.3 ± 0.8-2.1 ± 1.3°/cm twist with higher values occurring distally.
In 2013, Ansari et al. 4 performed a literature review of the biomechanical environment of the FPA and found a total of 12 studies that evaluated FPA deformations with limb flexion. Though many of these studies reported disparate deformation measures, Ansari et al. concluded that the FPA experiences 2-4°/cm twist, 4-13% axial compression, and has 22-72 mm bending radius during limb flexion. Until recently these values summarized our current understanding of the FPA mechanical environment.
A new step in understanding of the true severity of arterial mechanical deformations in the flexing limb came recently with the introduction of the intra-arterial marker method. 73 Custom-designed Nitinol markers (Fig. 1c) were endovascularly deployed in the limbs of human cadavers without disturbing the surrounding tissues, and used to measure axial compression, bending, and twist of the artery with limb flexion. 73, 99 Markers did not have any sizable effect on FPA deformations, yet allowed accurate and repeatable measurements. The advantage of using markers as opposed to arterial side branches was that branches are frequently small and difficult to identify using clinical CT or MR, which leaves large segments of the FPA with unknown deformations. In addition, side branches tether the artery to the surrounding tissues, resulting in smaller deformations at these anchoring points. Finally, use of cadavers allowed to measure longitudinal pre-stretch that is impossible to quantify without excising the artery. 58 These advantages of the marker method allowed to assess axial compression both with respect to in situ pre-stretched configuration, and with respect to stress-free excised configuration which showed appreciable differences. 29 FPA deformations measured using intra-arterial markers were 2-7-fold larger than reported previously by Ansari et al. 4 Poulson et al. 99 reported 9-25% axial compression and 8-27 mm bending radii of the FPA as a result of limb flexion, and Desyatova et al. 30 reported 8-26°/cm twist depending on posture. In addition, FPA deformations were described as highly non-uniformly distributed along the length of the artery reaching high values at the adductor hiatus and below the knee PA-the two typical locations of FPA disease. 129 
Stented FPA Deformations
Though stent design profoundly influences stent-artery interaction, the effects of stent design on limb flex- ion-induced FPA deformations are insufficiently understood. The first two studies investigating stented FPA deformations were performed by Smouse et al. 119 and Nikanorov et al. 91 who used human cadavers, 2D angiography, and Nitinol stents deployed in different segments of the FPA. They reported FPA axial compression of 3-11% and bending angles of 4°-54°d epending on position along the length of the artery with higher values observed distally. The same technique of 2D angiography was applied by Nikanorov et al. 90 to evaluate stented FPA deformations in vivo, and more recently by Go¨kgo¨l et al. 46 who acquired two 2D scans of each stented limb. Reported axial compression of the stented FPA segments was in the range of 3.1-8.5%, and distal to the stent reached 9.3%. 46 Bending radii within the stented segment ranged 135-22 mm depending on location, with many stents kinking in the flexed limb. 46 Ganguly et al. 43 measured deformations of the stented FPA in patients using 3D CTA and obtained similar results. Finally, Ghriallais et al. 89 reported that axial compression and curvature of the FPA change in the presence of the stent, with the amount of change dependent on stent characteristics. No studies were found to investigate torsion of the stented FPA.
Our team has recently performed assessments of axial and radial compression, bending, and torsion of the stented FPA using a perfused human cadaver model, seven commercially available FPA stent designs (AbsolutePro, Supera, Innova, Zilver, SmartControl, SmartFlex), and an intra-arterial marker method. Our data demonstrated significant differences in the ability of different device designs to accommodate limb flexion-induced deformations, but no device was able to accommodate all deformation modes without either restricting or exacerbating baseline deformations either within or outside the stented segment. 74 
FPA Stent Fracture
Severe mechanical environment of the FPA and cyclic deformations occurring with each limb flexion may result in stent strut fractures due to fatigue. While most patients with FPA restenosis do not have fractures in their stents, 64, 131 PAD stent fractures are commonly thought to be associated with poor patency of PAD repairs as they occur more frequently in the FPA than in other arterial locations. Scheinert et al. 111 evaluated 121 limbs of patients who underwent SFA stenting and found fractures in 37% cases (45 legs). Authors reported that occurrence of stent fractures was related to the length of the stent and the number of implanted stents, with more fractures observed in longer and overlapping devices. Similarly Laird et al. 66 reported a 4.1% stent fracture rates in as early as 18 months after implantation. The extent of the stent damage by some investigators has been classified into five categories ranging from the fracture of a single strut, to fracture of multiple struts that results in a gap between two parts of the stent. 85 Higher category fractures are reported to have higher rates of restenosis and complete occlusion than stents with mild fractures. Besides restenosis, FPA stent fractures can also lead to thrombosis, perforation, and migration of the stent increasing patient morbidity and potentially death. Adlakha et al. 2 and Schlager et al.
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reported decreases in the rate of stent fracture with newer, second generation stents; however even with these newer devices, fractures were still observed. Stent fractures are not usually considered the main culprit causing in-stent FPA restenosis, but they are likely reflective of the severe, repetitive deformations experienced in the FPA at, and around the stent, which likely play a role in reconstruction failure. The severe mechanical environment of the flexing limb that is able to fracture a metal stent, will also contribute to arterial injury resulting from the interaction of the FPA wall with the device, particularly if this device was not designed to accommodate the severity of limb flexioninduced deformations. 78, 127 While many biological factors also likely contribute to poor clinical outcomes of FPA stenting, mechanical stent characteristics and the severe biomechanical environment of the flexing limb seem to play important roles influencing device-artery interactions. A detailed understanding of stent characteristics is crucial for developing devices that perform well and can adapt to the unique biomechanical environment of the lower extremity arteries. We will review these characteristics starting with description of the unique features of the Nitinol alloy.
NITINOL ALLOYS
Currently, all FPA stents are metallic and remain permanently in the artery, although development of new bioresorbable polymer stents for the lower extremity is an area of active research. 102, 116, 132 All metallic stents are divided into two main categories-balloon-expandable stents that are usually made from stainless steel or cobalt-chromium, and self-expandable stents that are made from superelastic shape-memory alloys, typically Nitinol. Due to the severe deformations that the FPA experiences during limb flexion, balloon-expandable stents are usually not used in PAD repair as they may undergo irreversible plastic deformations (Fig. 2) . 112 Most PAD stents therefore are made of self-expandable shape memory Nitinol that allows the device to expand to a pre-set shape once released from the catheter without the assistance of a balloon, and, most importantly, return to this shape after being deformed during limb flexion. While some Nitinol stents are also coated with drugs, i.e., paclitaxel, current review will focus on the mechanical rather than biological aspects of stent design and behavior.
A Brief History of Nitinol and Nitinol Stents
Nitinol was discovered in 1959 by William J. Buehler while working in the U.S. Naval Ordnance Laboratory in White Oak, Maryland. 60 The word Nitinol was derived from the combination of words nickel (Ni), titanium (ti), and Naval Ordnance Laboratory (nol).
14 The unique properties of Nitinol were discovered by accident while Buehler was experimenting with several binary alloys in his laboratory. While dropping hot and cold bars on a concrete floor to roughly determine the damping characteristics, he noticed a difference in sounds between hot and cold Nitinol bars. Sparking his curiosity, these unexpected findings led to future research in which Buehler discovered that Nitinol had excellent fatigue resistance and other unique properties. While presenting a long strip of the alloy to colleagues, an accidental discovery of the shape-memory effect of the alloy occurred as the folded Nitinol strip was heated and stretched out to its original form. After years of further research, Nitinol's first successful use was in a pipe coupler for hydraulic fluid lines in an F-14 jet in 1969. 60 Since the alloy was never patented, its use in devices began to expand in other areas such as eyeglass frames, fire sprinkler systems, and other military and civilian applications. The first medical use of Nitinol occurred in orthodontic bridge wires in the late 1970's, and in 1989 the U.S. Food and Drug Administration (FDA) approved the use of a Nitinol anchor in orthopedic shoulder surgery. The first cardiovascular use of Nitinol was in a blood filter to trap clots, 60 and the first self-expanding Nitinol stent was developed and used in the aorta 23 and the FPAs 31 of dogs in 1983. Interestingly, the word stent was derived from Charles Stent, an English dentist born in 1807, and referred to a structure that supported facial skin grafts.
Structure and Thermal Properties of Nitinol Alloys
The unique properties of Nitinol arise from its crystal structure that can undergo specific phase transitions under mechanical or thermal events. Nitinol has two main phases with distinct features and characteristics. One of them is austenite phase, also called parent phase, which has a simple cubic B2 structure (Pm3m space group) with body centered atoms. The other phase is martensite phase, also called daughter phase, with a monoclinic B19' structure (P2 1 /m space group) that resembles herringbone pattern. 9, 106 Both structures are shown in the left panel of Fig. 3 . One of the ways to induce the transition between these two phases is through thermal flux. The martensite phase is present at lower temperatures, but it transitions to the austenite parent phase when Nitinol is heated above a certain temperature that varies based on Nitinol composition and manufacturing conditions. Specifically, the austenite-start (A s ) and austenite-finish (A f ) temperatures are the temperatures at which Nitinol begins and completes the transition to austenite phase upon heating, respectively. Transition from martensite to austenite is accompanied by small (< 1%) volume decrease, resulting in negative dilation. The martensitestart (M s ) and martensite-finish (M f ) temperatures correspond to the temperatures at which Nitinol begins and completes transition to martensite phase upon cooling, respectively. The transition from martensite to austenite occurs at higher temperature than transition from austenite to martensite. As a result, thermal transition curves exhibit the characteristic hysteresis during thermal transition cycles (Fig. 3, left panel) . In cold worked and aged Nitinol alloys, thermal transitions between austenite and martensite phases may also occur through a third, rhombohedral phase or Rphase. The unit cell of R-phase has P 3 symmetry 94, 118 and it appears as a distortion of the cubic austenite cell that has been elongated diagonally in the [111] direction 34 as illustrated in Fig. 4 . There are several factors that affect the phase transition temperatures of Nitinol, including heat setting temperature, time, and cooling rate during manufacturing. Also of importance is the chemical composition of Nitinol, i.e., the exact ratio of nickel to titanium (Fig. 3, right panel) , as well as how the alloy is created, processed, and cold-worked to its final, raw form. 38, 62 Yeung et al. 134 determined that austenite transition temperatures decrease when ageing temperature is increased in the 400-550°C range, while ageing time and cooling rate showed minor effect on austenite transition. Since austenite transition temperature can be tuned to the human body temperature, stent delivery procedures can benefit from the phase transition-driven superelastic and shape memory properties, and Nitinol stents can expand to a set shape once released from the catheter without the assistance of a balloon.
Mechanical Properties
Mechanical properties of Nitinol are governed by its temperature-dependent microstructure. The superelastic mechanical properties of Nitinol are present only between the A f and M d (martensite forming) temperatures when Nitinol is in its austenite form. Unlike typical metal alloys that have recoverable deformability below 1%, elastic recovery of Nitinol in the superelastic temperature range (A f < T < M d ) can reach up to 10% strain. 96, 106 This deformation, however, is significantly different from the traditional linear-elastic response of metals and alloys. The stressinduced phase transitions between austenite and martensite phases play key roles in Nitinol's superelasticity. As shown in Fig. 5 , superelastic Nitinol deforms in a highly non-linear fashion with four distinct stages and significant hysteresis. The first stage of deformation is linearly elastic with relatively high modulus, and it is caused by the deformation of chemical bonds in austenite microstructure. At about 1% strain, the second yield-like deformation stage starts and continues up to 7% strain with a minor increase in stress. However, unlike plastic yielding, during which unit cells irreversibly slip with respect to each other, this deformation results from the phase transition from austenite to a twinned martensite structure (in twinned crystal structures part of the parent phase is reoriented into its mirror configuration due to the shear stresses). The third stage of deformation is elastic detwinning of the martensite phase during which the mirror-like twinned structure is stretched out to a single orientation. This deformation stage is characterized by the increase in modulus. The elastic deformation is followed by stage four, which is a plastic deformation of the martensite phase until failure. Deformations in the first three stages are fully recoverable, although the forces during unloading are smaller than during loading as a result of hysteresis. The unique biomechanical characteristics of stents associated with the hysteresis are discussed in ''Mechanical Properties''.
Both the austenite finish (A f ) and the martensite forming (M d ) temperatures that bound the superelasticity range, depend on material composition and heat treatment during manufacturing. If the temperature is higher than M d , the critical stress or energy of austenite to martensite transformation is higher than that of the dislocations, and Nitinol follows a traditional alloy-like plastic deformation after stage I. Although Nitinol can be completely austenitic between the M s and A f temperatures (depending on its thermal history), it is not able to recover large deformations during mechanical loading cycle. However, this plasticlike deformation can be fully recovered once Nitinol is subjected to a thermal cycle above the A f temperature, which is called the shape-memory property. Furthermore, below the A f temperature, the stress-induced austenite to martensite transition can occur through the R-phase (A fi R fi M), that appears as a narrow plateau in the deformation stage I (Fig. 4) . The critical stress for the A fi R transition increases with the increase in temperature and eventually exceeds the critical stress for the A fi M transition as temperature reaches the A f . On the stress-strain curve, this shows as an upwards migration of the R-phase plateau until A fi R and R fi M merge into a single A fi M transition. 88 Different manufacturing techniques influence the microstructure of Nitinol and can be used to tailor the mechanical properties to specific applications. Hot or cold working is one of such techniques that can increase dislocation density, resulting in hindering of material reorientation and increase of critical stress for martensite transformation. Both hot and cold workings also induce formation of crystallographic textures along AE110ae and/or AE111ae unit cell directions, which further increase transformation stresses. 41 Another important manufacturing parameter that influences Nitinol mechanical properties is the temperature of thermal treatment. An increase of this temperature induces the growth of Ni 4 Ti 3 precipitates, which can impact the mechanical properties of Nitinol in different ways. For example, formation of large precipitates was shown to reduce stress for martensite transformation, while small coherent precipitates induce Nitinol hardening as they effectively prevent dislocation motion. 41 Similarly, the precipitates and their development also affect thermal properties of Nitinol due to depletion of the Ni atoms from the alloy matrix. In particular, longer heat treatment times result in formation of precipitates with higher Ni content (Ni 3 Ti 2 and Ni 3 Ti) that result in substantial increase of A f transition temperature. 32, 92 The effects of precipitate growth however are reversed when ageing temperature reaches 600°C due to dissolution of the precipitates. 
Biocompatibility
Biocompatibility refers to the ability of the material to perform in a specific application with an appropriate host reaction. The main concerns of metal alloy biocompatibility are typically related to the corrosion resistance and toxicity of the individual chemical elements. Pure titanium is biocompatible due to its ability to form stable oxide layer. On the contrary, pure nickel in high concentrations is known to cause systemic toxicity, cellular damage, and immune response in patients with nickel sensitivity. 38 Previous in vitro and in vivo studies reported that formation of the stable titanium oxides (TiO 2 ) and nickel oxides (NiO and Ni 2 O 3 ) prevent nickel ion exposure and diffusion into cells 110 and that surface-finished Nitinol releases only a small amount of nickel into the blood, generally less than 10% of the average dietary intake. 35 However, a recent study showed that oxide layers created by some surface treatment methods might not be as stable as previously thought. 123 In particular, a strong positive correlation between oxide layer thickness (from various methods of surface treatment) and nickel ion release was found. Furthermore, it was shown that severe mechanical deformations that Nitinol devices normally experience during deployment and function can further increase the release of nickel from the Nitinol alloy as oxide layers lack the superelastic mechanical properties and develop cracks under large strains.
NITINOL STENTS
Manufacturing Approaches
Due to Nitinol's superelastic properties, manufacturing complex Nitinol devices using conventional cutting or machining tools can be difficult and cause substantial tool wear. 38 In addition, Nitinol stents usually have intricate patterns, which are difficult to cut to their final configurations. To overcome the challenge of tooling, Nitinol stents are manufactured either by laser-machining from a tube or by knitting or braiding individual wires. Although wire-based stents historically were the first type of Nitinol stents used, their disadvantages are increased wall thickness and accelerated wear due to crossing of the filaments. 121 Laser-machined stents can be either pre-cut or pre-expanded. Pre-cut stents are made from a tube that has smaller diameter than the end-product. The shape and properties of the final pre-cut stent are formed by mechanical expansion and heat treatment procedures that are repeated several times. This results in heterogeneous microstructure and properties compared to pre-expanded stents as expansion causes inhomogeneous stress state in the stent elements. 39 Pre-expanded stents are laser-cut from a tube that has the final stent diameter, and the device undergoes a single heat-treatment. The heat treatment is one of the most important steps of Nitinol stent manufacturing as it sets the final shape and properties of the stent. Nitinol is shape-set by deforming the sample into a desired geometrical shape, and heating it to high temperatures (on the order of 450-550°C). Nitinol stents are shape-set in the open form so they can return to it (i.e., self-expand) when released from the catheter during deployment. 72 For self-expansion to occur, the A f of the stent must be lower than the human body temperature so when the device is deployed in the artery it is in the austenitic, superelastic form. Understanding the precise heating and cooling methods is therefore necessary to control structure and properties of the final product. Liu et al. 72 showed that the optimal shape-setting temperature is 450-500°C for 50.7% nickel Nitinol wire and that heating time should be longer than 10 min, but no longer than 60 min to retain maximum deformation recoverability and to achieve high superelasticity.
In addition to laser-cutting and shape-setting, Nitinol stents usually require further processing to remove excess alloy, smooth edges, remove heat affected zones caused by laser cutting, and enhance biocompatibility by creating stable oxide layer. 38 In addition, electropolishing is commonly used to provide a high luster to the stent and improve its fatigue life through removal of microdefects.
Geometry
Nitinol stents vary significantly in length, diameter, strut thickness, and design. Stents used in the FPA typically have diameters between 5 and 8 mm and are usually slightly oversized compared to the diameter of the artery. In certain instances such as with a braided stent, no oversizing may be recommended because resistance to radial compression is significantly reduced when the braided stent is extended beyond its nominal length. Stent lengths can vary significantly, usually in a range 20-250 mm depending on the length of the lesion to be covered. With different manufacturers, there are currently a wide variety of strut thicknesses, patters (Fig. 6 ) and shape-set conditions, which lead to a wide variety of physical and mechanical characteristics. 78 Nevertheless, all Nitinol stents possess similar non-linear and superelastic shapememory behavior intrinsic to the Nitinol alloy.
Mechanical Properties
The mechanical properties of the Nitinol alloy provide unique biomechanical characteristics to stents. Due to the shape memory effect, Nitinol stents ''selfexpand'', i.e., they are deployed without the use of an expanding balloon. In addition, mechanical hysteresis behavior of Nitinol results in a unique mechanical feature called ''biased stiffness'', which means that a stent that recovers from the crimped position will be much more resistant to compression than to expansion, as illustrated in Fig. 7 . Since conventional zshaped Nitinol stents are frequently oversized to account for the overstretched lumen after angioplasty, ''biased stiffness'' is useful for reducing the outward force. However, due to its constant action, outward force that results from significantly oversized Nitinol stents still possess a potential risk of damaging the vessel wall. 36 To minimize this damage, several key characteristics described below need to be taken into account when designing Nitinol stents.
Radial resistive force (RRF) and Chronic outward force (COF) are the two main characteristics that determine the force balance between the vessel wall and the stent. RRF is a measure of the amount of force required to compress the stent radially, while COF correlates to a measure of the radial force the stent projects outward in its deployed configuration. Both RRF and COF are determined by the unique force hysteresis of Nitinol and they are the two most commonly researched stent characteristics.
Hoop strength is another important design parameter that defines the maximum hoop load that can be carried by the stent. Hoop stresses in a cylindrical stent can be estimated by using the thin-walled pressure vessel equation:
where q is pressure, d is diameter, and t is wall thickness. Failure of the stent can occur when hoop stress exceeds the material strength. Hoop strength is directly proportional to the cross-sectional area of the device, which is linearly proportional to the width and thick- ness of the stent struts. Sometimes hoop force, F d , or hoop force per unit length, f d , is used instead of hoop stress to characterize load acting on the stent:
where L is stent length. Hoop stiffness is defined as the hoop force per diameter change:
Hoop stiffness depends on stent geometry and has a linear relation to strut thickness, cubic relation to strut width, and an inverse cubic relation to the strut length 36 :
In addition to hoop stiffness, pinching stiffness is also used in stent design. It is defined as a resistance of the stent to deformation or buckling when it is compressed between two parallel plates. Under pinching load, stent struts are subjected to out-of-plane bending. Unlike the hoop stiffness, pinching stiffness has linear dependence on strut width, but cubic dependence on strut thickness. 36 Other important characteristics for stent design include bending stiffness, and stiffness in axial tension and compression that are also functions of strut geometry, number of interconnectors, and angles between them.
DESIGN CONSIDERATIONS FOR IMPROVED MECHANICAL PERFORMANCE
Mechanical stent performance is a function of the intrinsic characteristics of the stent and the biomechanical environment in which the device functions. When the two are clearly defined, computational modeling can be used to simulate complex in vivo loading conditions and optimize device performance.
Benchtop Mechanical Characteristics of Stents
A major step towards improved stent design is better understanding of the stent mechanical characteristics. Although general properties of raw Nitinol are well studied, the exact mechanical characteristics of processed Nitinol used in devices of different manufacturers are proprietary.
There are two fundamentally different types of mechanical testing of Nitinol stents. The first is utilized by stent manufacturers to satisfy the requirements of the FDA in order to get device approval. The results of this testing are usually proprietary, but the FDA provides a comprehensive non-binding guidance for the manufacturers, 40 including specific testing methods and standards to use for mechanical and fatigue testing, and computational modeling of stents. Many ASTM standards are referenced for common testing methods such as ASTM F2477 which lists guidance on pulsatile durability testing. 6 ASTM standards are very specific with given testing parameters and specific equipment, but are not all-inclusive. For example, axial compression, torsion, and bending tests of Nitinol stents are currently not standardized by the ASTM.
The second type of mechanical testing is performed to compare the performance of several devices under different mechanical loading conditions or to reverseengineer stent properties. Results of these tests can be found in the literature published by both industry and academic research groups. Several testing modes are usually utilized, and those include radial compression, crush resistance, bending, axial tension and compression, and torsion, all done either quasi-statically or under cyclic dynamic loading (Fig. 8) .
Radial Compression
Radial compression tests are performed to evaluate RRF and COF of Nitinol stents. Stents can either be tested as separate structures, or, more frequently, deployed inside compliant (usually silicone) tubes to simulate oversizing. Testing is typically performed at 37°C and equipment to measure resistance to radial compression consists of a load cell, a thin myler-sheet loop used to wrap around the stent, a roller, and a base post. 33, 47, 121 The most typical design is demonstrated in Fig. 8 although alternative setups have also been described. 47 Duda et al. 33 measured RRF of 8 mmdiameter Nitinol stents with high strength polyester film that was looped around the stent. The results were expressed as force per unit length that is required to reduce the diameter of the stent to 6 mm. The average radial resistive force was 137 N/m for the Symphony stent, 127 N/m for the Memotherm stent, and 165 N/ m for the Smart stent.
Recently, Maleckis et al. 78 compared radial resistance of 12 currently used FPA Nitinol stents (Absolute Pro, Supera, Lifestent, Innova, Zilver, Smart Control, Smart Flex, EverFlex, Viabahn, Tigris, Misago, and Complete SE). 78 Stents were compressed with a modified v-shaped clamp setup that applied compression from four sides simultaneously. Supera stent had the highest radial stiffness of 11,261 N/m when compressed to 90% of its initial cross-sectional area. Apart from the Supera stent, the Complete SE, LifeStent, and Viabahn stents demonstrated high radial stiffness (> 700 N/m), while Smart Control and Zilver stents were relatively weak radially (< 300 N/ m). LifeStent, Innova, SmartControl, EverFlex, Misago, and Complete SE stents lost most of their radial stiffness when they were compressed beyond 65-70% of their initial cross-sectional area. A moderate drop in radial stiffness under significant radial compression was also observed for the Absolute Pro and Viabahn stents, while stiffness of the Zilver, Smart Flex, and Tigris stents increased with higher levels of radial compression.
Although these bench-top tests give valuable insights into the ability of different stents to resist pinching, more realistic radial compression tests involving Iris-type mechanisms that engage the entire circumference, and deployment in artery-like tubes with oversizing is needed to replicate the in vivo conditions.
Crush Resistance
Another test that is similar to radial compression, is testing for stent crush resistance. 47 In crush resistance testing, the stent is squeezed between the two parallel surfaces instead of being uniformly compressed around the circumference. This type of test is sometimes preferred over radial compression due to its simplicity, but loading conditions are obviously different than those in radial compression. Consequently, the results of these two tests cannot be compared directly. In a report of stent mechanical properties by GORE, 128 it was shown that there are significant differences in crush resistance between different stent models. In particular, the highest resistive force associated with 25% lateral compression of a two-inch-long section of a 6 mm-diameter stent was reported for Fluency Plus (296 g), followed by Prote´ge´GPS (242 g), Cordis Smart (153 g), Bard Lifestent NT35 (150 g), Gore Viabahn (125 g), and Absolute stents (115 g). Dyet et al. 37 measured crush resistance of 8 mm-diameter stents using a variation of technique presented in Fig. 8 by compressing the stents between a support plate and a 6.35 mm-diameter micrometer head. Compression strength of Instent Vascucoil (Medtronic), Symphony (Boston Scientific), and Memotherm (Bard) stents (all 40 mm long) was measured as force in Newtons that is required to compress the stent to 50% of its nominal diameter. Instent Vascucoil, and Memotherm stents showed 2.7 N resistance, while Symphony showed 3.4 N resistance.
Bending
Bending characteristics of FPA stents are typically obtained with a three-point bending setup (Fig. 8) . GORE compared resistive force of 6 mm-diameter stents with 45 mm spans deformed to 5 mm in the middle of the span. Their results showed that Viabahn had the least resistance to bending (0.5 g), followed by Absolute (1.9 g), and Lifestent NT35 (2.2 g) devices. Significantly higher resistances were observed for the Smart stent (17 g), Prote´ge´(38 g), and Fluency Plus (54 g) stents. Results also showed that Fluency Plus, Prote´ge´GPS, and Smart stents collapsed laterally under severe bending conditions, while Viabahn, Absolute, and Lifestent NT35 maintained an open crosssection.
Dyet et al. 37 used a manual reduction gearbox-based device to determine bending properties of 8 mm-diameter Instent Vascucoil, Symphony, and Memotherm stents (all 40 mm long) subjected to bending deformations. Bending stiffness was measured as force in Newtons that is required to induce 10°bending of a 20 mm long section of a stent. Instent Vascucoil showed 5 mN bending stiffness, Memotherm stent showed 200 mN bending stiffness, and Symphony showed 490 mN bending stiffness. They also noted that at higher flexions some of the stents kinked.
Duda et al. 33 compared 8 mm-diameter stents under bending deformations by comparing the force needed to push a stent through a 120°bend of a Plexiglas tube. They showed that some of the stent designs have sig- nificantly different bending characteristics, but it was not clear how well this test described bending properties of stents as other conditions (i.e., friction) may have influenced the results.
Bending analysis of 12 FPA stents was also performed by Maleckis et al., 78 and the data demonstrated large differences in bending stiffness between devices. Smart Control (98 N/m), Smart Flex (54 N/m), and EverFlex (46 N/m) had the highest bending stiffness, while Tigris (2 N/m), Viabahn (3 N/m), and Misago (10 N/m) stents had the lowest. In addition, they have also observed pinched diameters (Innova, Zilver, Smart Control, EverFlex, and Complete SE stents) and ''gator-back'' appearance of some devices (i.e., Absolute Pro, Misago, and Zilver) with struts pointing away from the stent and towards the arterial wall when the device was bent. Pinching typically occurred in stents that had short axial strut connections, while ''gatorback'' was observed in devices that had overall longer struts.
Axial Tension and Compression
Data on axial tension and compression testing are scarce in the literature. Favier et al. 39 performed axial tensile tests of custom-made uncut Nitinol tubes with different ageing treatments. Although stress-strain curves showed the characteristic non-linear behavior and high recoverable strains, it is not clear whether these properties translate into the mechanical behavior of the actual stents.
GORE reported a large variation of axial compression resistance of different stents at 15% compressive strain. In order to prevent stent buckling during the compression, stents were supported by an internal rod (Fig. 8) . The lowest resistance was recorded for Viabahn (17 g), followed by Lifestent (54 g), Absolute (55 g), Smart (203 g), Fluency Plus (477 g), and Prote´ge´GPS (539 g) stents. They also showed that Viabahn was the only design that did not buckle at 25% axial compression.
Study by Maleckis et al. 78 demonstrated that tensile stiffness of 12 currently used FPA stents varies significantly, with Viabahn, Smart Flex, and Tigris being the stiffest (12,387, 2469, and 2398 N/m tensile stiffness, respectively), and Misago, Absolute Pro, and Supera being the most compliant (32, 47, and 94 N/m tensile stiffness, respectively) under tension. For Viabahn and Tigris devices high stiffness in tension was caused by ePTFE fabric and plastic interconnectors rather than the wire Nitinol elements. Similarly, FPA stents also showed large differences in axial compression with Smart Control, Smart Flex, and Zilver stents being the stiffest (534, 236, and 218 N/m compressive stiffness, respectively), and Tigris and Viabahn being the softest in compression (both 7 N/m), likely due to helical design of their Nitinol wire. Furthermore, Smart Flex, EverFlex, Innova, Smart Control, Complete SE, and Zilver stents buckled when axially foreshortened by 25%, which corresponds to the physiologic compression experienced by the popliteal artery during limb flexion. Buckling instabilities involve sudden and large out-of-plane deformations, which may damage the arterial wall, and contribute to lower patency and faster mechanical device failure.
Torsion
Typical torsion setup used in stent characterization is demonstrated in Fig. 8 . GORE 128 compared torsion characteristics of stents under 3°/cm rotation. Their results showed that the lowest resistance to torsion was observed for Absolute (1.2 g), followed by Lifestent NT35 (2.5 g), Viabahn (4.3 g), Smart (6.2 g), Prote´ge( 9.6 g), and Fluency Plus (27.1 g) devices. Although this report gives a good comparison of differences in torsional performance for different stents, the testing conditions were significantly lower than physiological twist experienced by the FPA (26°/cm as opposed to 3°/cm).
Physiological levels of FPA twist were applied in a study by Maleckis et al. 78 where significant differences between 12 FPA stents were observed. The stiffest stent in torsion was Supera (959 lN m/°), likely due to its braided design and friction between the Nitinol wires. Smart Control (87 lN m/°) and Smart Flex (58 lN m/°) were also among the stiffest, while the least stiff stents were Viabahn (2 lN m/°), Absolute Pro (9 lN m/°), and Tigris (13 lN m/°) devices. Furthermore, Supera, Lifestent, Smart Flex, and EverFlex stents buckled before reaching upper levels of physiologic twist. High resistance to torsion, and buckling during twist are both promoting adverse interactions between the arterial wall and the device, potentially leading to arterial wall injury and contributing to treatment failure. Smart Flex, Misago, and LifeStent also showed significant differences between clockwise and counter-clockwise rotations due to their nonsymmetric designs.
Cyclic and Fatigue Testing
Fracture of Nitinol stents has been attributed to the progression of cracks that are caused by cyclically-induced stress concentrations around microstructural defects. Despite its superelastic nature, Nitinol exhibits a low fatigue threshold compared to most other metallic and intermetallic materials. In 10 years FPA stent is expected to undergo about 420 million loading cycles due to heartbeat-induced pulsations, and about 18 million cycles from musculoskeletal motion during walking. The large number of loading cycles leads to accumulated fatigue damage and crack propagation, eventually resulting in strut fracture. Several investigators have characterized fracture mechanisms and fatigue properties of Nitinol. Robertson et al. 107 used synchrotron X-ray micro-diffraction and showed that in annealed flattened Nitinol tubes transformation from austenite to martensite phase takes place along the tip of the crack. This transformation leads to volumetric change, which is thought to further promote crack propagation due to induced additional tensile stresses. 120 It was also shown that crystallographic texture plays significant role in crack propagation with energetically preferred orientation at about 45°from the drawing direction in Nitinol tubes. 105 Furthermore, there is evidence that thickness of the Nitinol sample also plays an important role in fatigue resistance. 107 Consequently, process parameters and sample geometry are expected to have profound influence on fracture properties, therefore fatigue resistance may vary significantly between different stent designs.
Several studies investigated durability and fracture resistance of different stents under various types of loads. Muller-Hulsbeck et al. 82 performed fatigue testing of seven FPA stent designs in air at 37°C and under 40% compression, 40°bending, and 30°/cm torsion. Stents were subjected to 5000-650,000 loading cycles, and the observed fracture rates are summarized in Table 2 .
Another assessment of stent fatigue was performed by Nikanorov et al. 91 who used specialized axial compression and bending equipment designed by Abbott Vascular to test six stent designs. Stents were deployed into silicone tubes with oversize ratio of 1:1.4 and tested under 5% axial compression and 48°b ending deformations in 37°C saline solution for up to 10 million cycles at 7 Hz frequency. Stents were inspected for fractures every 24 h using an optical microscope. The results of these tests are summarized in Table 3 .
A number of authors have also investigated fatigue testing of Nitinol stent components. 77, 82, 91, 96 Pelton et al. 96 tested mechanical fatigue of custom-made diamond shaped V-strut sections. The diamond shaped specimens were fatigue tested at 50 Hz up to 10 million cycles or until fracture. The results showed linear correlation between the number of cycles the stent survived the loading and the amplitude of the applied strain when plotted on a semilogarithmic scale. However, the majority of samples survived all 10 7 cycles. Mahtabi et al. 76 used martensitic phase Nitinol tubes for fatigue testing utilizing a combined axialtorsion method at room temperature and 0.1 Hz frequency up to 10 5 cycles. They showed that fatigue lives are significantly shorter for out-of-phase torsionbending mode when compared to in-phase bendingtorsion or pure torsion under equivalent von Mises stress criterion. They also reported complex crack propagation paths for in-phase axial-torsion specimens, suggesting dominant effects of axial stresses in crack propagation. These results suggested that more comprehensive experimental and analytical studies are needed to better understand Nitinol fatigue behavior under multiaxial loading conditions. While these and other studies have significantly improved our understanding of fatigue properties of Nitinol, FPA stents continue to fail despite being engineered to provide a 10-year lifetime. Comprehensive studies that identify how material properties and specific design features influence mechanical performance, as well as fatigue testing with more realistic loading conditions, could potentially lead to novel FPA stent designs with improved fatigue performance.
Need for New Characterization Techniques
Bench-top mechanical tests of Nitinol stents give valuable insights to how different devices compare under controlled loading conditions. However, these tests cannot be directly used to identify specific design features that contribute to better mechanical performance as stents vary in multiple design parameters (and likely material properties) at the same time. Finite Element Modeling (FEM) can be used to determine Mechanical properties of Nitinol can potentially be extracted through mechanical tests of individual struts; however such task is not trivial due to small dimensions and curved geometry. Alternatively, such data can be obtained through inverse computational methods, but large number of parameters that describe Nitinol properties prevents unique parameter determination. Additional research is therefore needed to determine exact material properties of Nitinol used in different FPA stents, unless these properties are provided directly by device manufacturers. In addition to studying design features that promote better mechanical performance of FPA stents, device assessments should also include evaluating damage that stents inflict on the arterial wall, either through producing locally high stress concentrations, or abrasions that can cause endothelial injury or strut protrusion. Though to our knowledge, no correlation between specific stent features and clinical performance has yet been identified, bringing bench-top tests closer to in vivo conditions may help identify these design characteristics. However, since clinical performance is a function of many variables, many of which are patient-, rather than device-specific, stent assessments should likely include a combination of benchtop, animal model, and computational experiments 126 that need to be performed synergistically and evaluated by clinical trials.
Computational Assessment of Stent Behavior
FEM is widely used in design and development of FPA stents as it provides a cost-effective way to analyze stent performance under different loading conditions prior to bench-top testing. In addition, FEM is the only way to assess stresses resulting from complex interactions between the arterial wall and the stent. Latter obviously requires accurate knowledge of the arterial mechanical properties, which for the FPA have recently been described in great detail. 28, 55, 56, 58, 59 A comprehensive constitutive model that describes the complexities of Shape Memory Alloy (SMA) behavior, and accurate mechanical properties of Nitinol are obviously also important to make simulations realistic.
One of the first attempts to describe SMA behavior was performed by Brinson and Lammering 13 who developed a non-linear FE procedure for a one-dimensional material. This procedure included a thermodynamically-derived constitutive model that utilized internal variables (material parameters) to account for pseudoelasticity and shape memory effect (SME) at all temperatures, loading conditions, and stress levels. The model was expanded by Boyd and Lagoudas 12 who exploited Gibbs free energy function and a dissipation potential to describe pseudoelasticity and the shape memory effect.
A different approach to modeling SMA based on its microstructural features was taken by Sun and Hwang. 124 They linked inelastic SMA deformations under mechanical or thermal loadings to a temperature, stress state, and loading history using a micromechanical approach. Patoor et al. 95 improved this model by introducing a new homogenization method that more accurately described the behavior of single crystals. A single crystal constitutive relationship was developed in order to provide a kinematic description of the martensitic phase transformation to better understand the physical mechanism behind it. Numerical simulations using this micromechanical model were in good agreement with experimental data and were able to provide details on the evolution of the microstructure during loading processes. Comstock et al. 20 further improved this micromechanical model by introducing arbitrarily imposed strains on the crystal instead of axisymmetric strains. This allowed to describe austenite to martensite transformation due to large stresses experienced by the SMA during its austenite phase and within any given temperature range.
More details on different constitutive models used to describe SMA behavior are provided in an article by Cisse et al., 19 but it is evident that current SMA formulations do encompass the behavior of Nitinol quite well. However, they are based on many material 97 They conducted an experimental analysis of the bending behavior of Nitinol wires and microtubes to verify FE simulations. Experimental assessments included uniaxial tension, compression, and three-point bending, which agreed well with FE even when the latter used a non-linear Ogden hyperelastic model built into ABAQUS (Simulia, Dassault Systemes, Waltham, MA). Multiple similar studies followed to describe one, two and three-dimensional behavior of Nitinol, culminating in a study done by Whitcher, 133 which provided one of the first descriptions of how to incorporate Nitinol mechanical properties into FE to assess stent in vivo loading conditions. The goal of Whitcher's work was to predict the material fatigue life through FE calculations using Von Mises yield criterion and an elastic-plastic material formulation in ADINA (ADINA R&D, Watertown, MA). Since loading conditions were isothermal, no explicit SMA formulation was employed and the model lacked superelastic unloading. Cyclic pressure difference between systole and diastole was used to load the model. FE results were in good agreement with experimental fatigue testing, both within the testing range and until ultimate failure. Since Whitcher's publication, many more studies investigated Nitinol stents under FE simulated physiologic loading conditions. Several of the recent studies that pertain to FPA stents were performed by Petrini et al., 98 Conti et al., 22 and Muller-Hullsbeck et al., 82 Petrini et al. 98 studied peripheral Nitinol Bard Lifestent under limb flexion-induced deformations of the FPA. They were able to simulate strut fatigue due to bending, extension and compression loadings. Though the study was limited to a single case, authors concluded that FE can be used to study the mechanisms of stent fracture in vivo. Conti et al. 22 studied the effect of limb flexion-induced FPA deformations on a Nitinol stent incorporating patient-specific anatomy. This study concluded that the stress-strain field is nonuniform along the length of the stent, exposing certain areas of the stent to higher probability of fracture. Muller-Hulsbeck et al. 82 conducted FE analysis of seven FPA stents (Misago, Absolute, Smart, Luminexx, Sentinol, LifeStent, and Sinus-SuperFlex), and reported significant differences in strains associated with bending, compression, and twisting of the devices.
Currently, most well-known commercial FE software packages include SMA formulations as built-in material models which greatly facilitate studies like Performed FE on a segment of an idealized stent subjected to crush resistance testing to evaluate effects of Nitinol properties those described above. In ABAQUS, UMAT and VUMAT routines are provided to simulate the elasticto-plastic behavior of Nitinol. This model is based on additive strain decomposition, in which the total strain experienced by the material is presented as the sum of the strain from the elastic region, the transformation region, and the plastic region. Superelastic-only behavior as well as superelastic-plastic behavior can both be implemented by incorporating different numbers of material parameters. Several key parameters include austenite elasticity, transformation strain, reference temperature, and martensite Poisson's ratio. ANSYS (ANSYS Inc, Cecil Township, PA) contains a material model for advanced SMAs based on generalized plasticity theory by Jia et al. 58 Similarly to ABAQUS, this model takes into account additive decomposition of total strain into the linearly elastic portion and a transformation component.
Despite the widespread incorporation of SMA constitutive models into FE codes, one of the main challenges is to determine the many material parameters that describe Nitinol behavior. Table 4 provides a summary of current literature that reports comprehensive sets of Nitinol material parameters that can be readily used in FEA.
SUMMARY
Unique shape memory and superelastic properties of Nitinol have allowed to significantly advance the development of minimally invasive endovascular treatment techniques using stents. However, despite the widespread successful use in other arterial beds, Nitinol stent performance in the FPA continues to be associated with poor clinical outcomes as manifested by reduced patency rates and increased incidence of repeated surgical interventions that dramatically increase cost. 75 Although from a material standpoint there is a good understanding of basic physical and mechanical properties of Nitinol alloy, the understanding of how Nitinol stents behave as structures and how they interact with the arterial wall is insufficient and requires further research. Likewise, a better understanding of the dynamic environment of the FPA is crucial in order to improve the design and clinical performance of stents used to treat PAD.
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